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Abstract

Quantification of abdominal aortic aneurysm development, its growth kinetics, and
rupture criteria are important to decrease the risk of this life-threatening event. Uniaxial testing
of healthy and collagen degraded aortic specimens from pigs was performed. A mathematical
model, from the literature, for the stress-strain relationship that is suitable for describing the
behavior of abdominal aortic tissue was used to derive specific tissue properties/parameters as a
function of strain rate and as a function of specimen orientation. Analyses consisting of Finite
Element Modeling of healthy and collagen degraded abdominal aortas were performed using
ABAQUS finite element code and the measured properties. The focus was on finding the values
of ultimate tensile strength (σmax), maximum strain at rupture (εmax), elastic modulus (E), and the
critical strain (εc), identified as the point beyond which high rupture risk is present. These
properties vary significantly between healthy tissue and collagen-degraded (aneurysmal) tissue.
No significant differences were found in the mechanical properties between longitudinal and
circumferential orientation both in healthy and collagen degraded specimens. However, σmax,
εmax, and εc values were significantly higher for healthy tissue group than for collagen degraded
tissue group. For example, εc= 0.44 ± 0.08 versus εc= 0.0077 ± 0.0002 (Mean ± SEM), σmax=0.93
± 0.07 MPa versus σmax= 0.047 ± 0.002 MPa, and εmax= 0.87 ± 0.12 versus εmax= 0.49 ± 0.10. In
conclusion, the data indicate that collagen is important in maintaining a high critical strain value
in healthy abdominal aortic tissue and the risk of AAA rupture increases significantly in the
collagen degraded tissue.
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Chapter 1
Introduction

1

In spite of the advances in medical sciences, cardiovascular disease remains the leading
cause of death in the Western World [1][17]. In the US alone, there are about 81 million people
who suffer from at least one form of cardiovascular disease leading to approximately 900,000
deaths annually [1]. In Europe, 40% of deaths among under 75 year old population is from
cardiovascular diseases [1, 17]. Abdominal aortic aneurysm (AAA) is an irregular expansion of
the abdominal aorta due to the weakening of abdominal aortic wall and is considered as a form
of cardiovascular disease.
A patient is said to have AAA when the abdominal aortic diameter is increased by 50%
of the healthy original diameter [2]. Every year, 500,000 new patients are diagnosed with AAA
throughout the world, 150,000 of those in the United States (?). AAA is present in about 2% of
elderly (60 years and older), a population that is rapidly increasing [3][18]. Abdominal aortic
aneurysms are the most lethal aneurysms that can develop in the human body, because they have
a higher risk of mortality rate approaching 90% upon rupture [1][3]. When AAA rupture occurs,
30-50% patients die before arriving at a hospital, and even after post-surgical treatment,
mortality remains at a high rate of 50-70% [1]. Every year in the US, approximately 1500020000 people die from AAA, and it is listed as the 13th most common cause of death, and the
10th among men that are 55 years of age and older [3].
AAA can be diagnosed using medical imaging techniques such as ultrasonography,
computed tomography (CT) scanning, or MRI scanning. Due to technological advancements in
medical imaging, AAA diagnosis is increasing worldwide, especially in the west. AAA is often
asymptomatic, which makes it difficult for the patients to seek help and to seek treatment. Men
who turn 60 years old are prime candidates for AAA screening. However, individuals with
family history are at a higher risk of developing AAA at an earlier age. Thus, they are
2

recommended to be screened for AAA when they turn 50 years old [1]. Figure 1 below shows a
healthy abdominal aorta and an aneurysmal aorta.

Figure 1 healthy aorta (on the left) and an aneurysmal aorta (on the right)
[www.nlm.nih.gov]
Detection of AAA and an assessment of rupture risk of the AAA are both important
because the patient’s life is potentially at risk. The most common method for rupture risk
assessment is measurement of the diameter of the dilated aorta. A healthy aorta measures 2-3 cm
in diameter. If the aneurysm exceeds 1.5 times the healthy aorta diameter, then the risk of rupture
is considered high at a mortality rate of 95% [3]. Even though some patients have aneurysms that
are slightly larger than the normal aorta in diameter, frequent monitoring of such cases is highly
recommended in order to assess growth of the aneurysm and to treat it in time to avoid
catastrophic rupture.
3

While not all aneurysms with diameters greater than 1.5 times the healthy diameter
rupture, some aneurysms do rupture at diameters less than 1.5 times the original diameter. This
observation leads to the conclusion that relying solely on the maximum diameter criteria is not a
totally reliable approach to successfully assess the potential risk for rupture. Table 1 shows the
percentage of ruptured aortas based on maximum diameter size [3].

Table 1 shows the relationship of size to rupture in 473 nonresected
AAA and Percent of ruptured aneurysms for different max diameter sizes
of AAA [3].
SIZE (CM)
≤ 5.0
> 5.0
NO SIZE
RECORDED
TOTAL

N RUPTURED
34
78
6

N RUPTURED
231
116
8

TOTAL
265
194
14

% RUPTURED
12.8
40.0
43.0

118

355

473

24.9

From the information presented in Table 1, it is shown that aneurysms of various
diameter sizes are subject to rupture unexpectedly. Thus, one cannot solely rely on maximum
diameter for assessing the rupture risk.
Over the past 15 years, other factors that are considered as relevant to rupture risk
assessment are wall stress distribution, wall strength, and formation of intraluminal thrombus
(ILT) on AAA wall [1][8][9]. The latter forms due to fluid dynamics-chemical reaction coupled
flow. Engineering tools such as finite elements analysis (FEA) are now frequently used to model
hypothetical and patient-specific constructed aneurysms. Based on work done using FEA, factors
such as expansion rate, degree of symmetry, geometrical parameters of AAA can be used as
additional parameters for assessing potential risk of rupture [1].
4

If the patient undergoes a repair, there are two primary options. The first option is an
open surgery, in which the surgeon cuts through the abdomen and places a stent in the aneurysm
to bypass the blood flow [4]. This is extremely invasive, costly, and puts the patient at a high risk
of infection, and therefore carries with it a high post-surgery mortality rate of 47% (range 27% to
69%) [3]. The second option is endovascular abdominal aortic aneurysm repair (EVAR), where a
guided catheter is inserted through the iliac or femoral arteries and is used to guide the stent to
the site of the aneurysm. EVAR is not an open surgery, is non-invasive, dramatically reduces the
risk of infection, and consequently has a much lower post-surgery mortality rate and therefore
highly preferred as an option [4].
The Structure and Anatomy of the Aorta
The aorta is the largest blood vessel (artery) in the body that starts from the left ventricle
of the heart and extends to the abdomen, where it branches of to the femoral and iliac arteries,
also known as the bifurcation fork. The aorta is divided into four sections as follows: ascending
aorta, aortic arch, thoracic aorta, and abdominal aorta. As one descends down the aorta, a
gradient of tissue mechanical properties exist that depend on the content of smooth muscle and
two main proteins that make up some of the building blocks and the microstructure of the aortic
wall. The two main proteins of interest are collagen and elastin. Collagen gives the aortic wall
the strength, and elastin gives the ability to recoil [16][19]. Elastin is mainly responsible for the
elasticity of the tissue, which is defined as the ability to return to its original shape after being
deformed [19].
Any changes in the content of elastin and collagen will result in changing the properties
of the aortic wall and may result in smooth muscle degradation. It is composed of three main
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layers, from inside to outside, the intima, the media, and the adventitia layers. The anatomy of
the aortic wall is shown in Figure 2.

Figure 2 The three main layers of the aortic wall are intima, media, and adventitia (externa and
Serosa) [http://www.stiffarteries.com/arterial-stiffness.php].

The development of AAA is not fully understood, but it is known that degradation of the
aortic wall causes an aneurysm to form due to changes in wall properties, which in turn causes
the aortic wall to become weaker [20]. Wall degradation is a biological process, which can be
affected by many factors such as hypertension, atherosclerosis, smoking, chronic obstruction
pulmonary disease, gender, age, and family genetic history [3]. Smoking in particular is
considered harmful because it directly weakens the walls of the aorta and promotes
atherosclerosis [20].
According to Raghaven et al. the stress-strain relationship of aortic tissue is a non-linear
exponential curve, where in elastin is continuously involved in supporting the tissue and collagen
6

fibers start to support the tissue as higher stress is applied [5]. To provide a focus to this study, it
is important to address the following two questions: (a) How does collagen degradation
contribute to developing AAA and (b) what is the effect of collagen degradation on the tissue’s
elastic modulus? It is likely that abnormal collagen degradation overtime causes the aortic tissue
to develop AAA faster. Thus, quantification of abdominal aortic aneurysm development, growth
kinetics, and rupture criteria involving collagen degradation is the main focus of this study.

7

Chapter 2
Literature Review
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Once the aortic wall has degraded sufficiently and is not able to withstand the pressure
applied by the luminal blood flow, it is at a high risk for rupture and the patient life is at a very
high risk for death. AAA patients are typically asymptomatic; thus, rupture can occur at any time
without any warning [6].
There are several predictors of impending AAA rupture: maximum transverse diameter
of the aorta, cyclic strain measured via ultra-sound imaging, intraluminal thrombosis (ILT)
volume, expansion rate of aortic diameter, and applied wall stress [6]. Some studies have
hypothesized that that peak wall stress is a better predictor of rupture than maximum transverse
diameter [6].
Peak wall stress can be estimated using computational methods. Finite element method
(FEM) is a computational method that is frequently used to calculate peak wall stress in patientspecific cases. Many FEM models have been created so far [6][7][8][9][11]. Each model
assumes different aortic properties. Some models assume elastic or viscoelastic tissue behavior,
isotropic or anisotropic properties, uniform or non-uniform wall thickness, and with or without
considering ILT effects [6].
Geest et al. used FEM to evaluate ruptured and electively repaired AAA [6]. They
obtained CT scan images of the AAAs and used them to reconstruct the geometry of the AAA.
Their new model included both wall stress and strength distribution. They used the ratio of wall
stress to wall strength and introduced a quantity that they termed as rupture potential index
(RPI). Consequently, RPI can be used as a qualitative measurement of the potential for rupture.
As RPI approaches 1, rupture becomes imminent [6].
Gasser et al. evaluated FEM as a predictor tool for assessment of AAA rupture potential
and used A4research diagnostic software to reconstruct and segment the geometry of AAA from
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CT scans [7]. They tested four different models of FEM. First, the W model, assumes a constant
wall thickness of 2.0 mm and no ILT (intraluminal thrombus). Second, called the PW model,
assumes varying wall thickness that changes proportionally with the mean arterial pressure
(MAP). MAP = Pd + (1/3)*(Ps-Pd), where Ps and Pd are systolic and diastolic pressures,
respectively. Third, called the WT model, assumes both ILT volume and varying wall thickness
that ranges between 1.13 to 1.5 mm. Fourth, known as the PWT model, assumes the same
conditions as the WT model and on top of that adjusts the wall thickness according to MAP.
They concluded that the presence of ILT in the model affects the tissue biomechanics and
rupture risk assessment drastically. Also, including ILT and variable wall thickness improves the
accuracy of prediction from biomechanical simulations. However, none of the models used could
explain rupture in all aneurysmal abdominal aortas for which the data are available [7].

Figure 3 RPI prediction of rupture risk for a patientspecific aneurysm using FEM with 28000 nodes [7].
10

Biasetti et al. proposed a model to study the fluid-chemical integration in order to observe
its role in the formation of ILT in AAA [8]. For the geometry of the AAA, They created a 2Daxis symmetric AAA model to mimic a fusiform aneurysm. The aneurysm is a small fusiform
aneurysm of 4.4 cm in luminal diameter, which is clinically, a relevant size to affect blood flow.
See figure 4 [8].

Figure 4 shows an axissymetric fusiform AAA. Case A is a large exposure of subendothelial
exposure, and case B is a small exposure of subendothelial exposure [8].
11

ILT is considered in this model as a thin-layer covering the wall of the aneurysm.
Looking at figure 4, case A considers a large exposed area of endothelial cells, where case B
considers a relatively much smaller area. The purpose of considering the two cases is to observe
the effects of different size of sub-endothelium exposure in ILT formation and, ultimately, blood
flow. Figure 5 show the details of the triangular mesh used in the model and concentration and
velocity of the boundary layers:

For the fluid dynamics model, they used the continuity and Navier-Stokes equation.

Figure 5 shows the finite element mesh used. Section A, which is the bulge region, and section B,
which is a zoom-in of the near wall region [8].
12

∇. 𝒖 = 𝟎

(𝟏)

𝝏𝒖
𝝆 ( + 𝒖 . 𝛁𝒖) = −𝛁𝒑 + 𝛁 . 𝝉
𝝏𝒕

(𝟐)

Where u is the velocity vector, ρ is density, p is pressure, and τ =2μD the deviatoric viscous
stress tensor.
To model the fluid, blood in this case, they used the Carreau-Yasuda (CY) blood model
as in equation 3.
𝒏−𝟏
𝝁 − 𝝁∞
= [𝟏 + (𝝀𝜸̇ )𝒂 ] 𝒂
𝝁 𝟎 − 𝝁∞

(𝟑)

Where 𝝁𝟎 𝑎𝑛𝑑 𝝁∞ are fluid viscosities, parameters 𝜆, 𝑛, 𝑎𝑛𝑑 𝑎 define the transition between the
lower and upper ends of the shear rate spectrum, 𝜸̇ = √𝟐𝑫: 𝑫 is the scalar shear rate term with
𝑫 = (𝒍 + 𝒍𝑻 )/𝟐 being the symmetric part of the velocity gradient tensor 𝒍. Also, 𝛀 = (𝒍 − 𝒍𝑻 )/𝟐
which is the antisymmetric part of 𝒍, was introduced into the model. The CY model describes
blood as a Newtonian fluid. The CY parameters used in this model are listed in table 2.

Table 2 CY parameters values
𝝁𝟎

𝝁∞

𝝀

𝒏

𝒂

𝝆

𝟎. 𝟏𝟔 𝑷𝒂. 𝒔

0.0035 Pa.s

8.2 s

0.2128

0.64

1050 Kg/m3
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Also, Coagulation cascade that causes thrombin formation was considered in this model.
The extravascular tissue factor (TF) is present under the sub-endothelial layer. TF binds to
blood-borne factor VIIa upon exposure of sub-endothelial layer to the blood. TF binding with
blood-borne factor VIIa initiates the coagulation cascade. The coagulation cascade employs a
group of factor enzymes which activate one another, and ultimately aids in the formation of
active thrombin as shown in figure 6 [8].

Figure 6 demonstrates A, when the subendothelial layer is exposed and TF binds to blood-borne
factor VIIa to initiate the coagulation cascade, and B, where the steps of the coagulation
cascade are shown for thrombin formation [8].
14

Some of the proenzymes and enzymes that are employed in the coagulation cascade were
considered in this model [8]. The coagulation cascade is time-dependent; thus, 16 chemical
reactions and their associated proenzymes and enzymes are implemented in the model as shown
in figure 7. Also, the initial concentrations of the initial enzymes and the rate constants values for
the 16 reactions were employed in the study [8].

Figure 7 shows the reactions cascade incorporated within the model [8].
15

A concentration vector c (mol/m3) is introduced in the model due to the reaction rate that
𝑑𝑐

takes place due to blood interaction with the endothelial layer of the wall. 𝑑𝑡 = 𝑺𝒓, where S is a
18X16 stoichiometric matrix and r is a reaction rate vector (mol/m3s). Also, ConvectionDiffusion model is implemented in this model because the chemical reaction is considered as a
function of time only and well-mixed, resembling a batch reactor in a sense. To precisely analyze
complex flow fields, the concept of coherent vertical structure (VS) is applied to the model, too.
The 𝜆2 method is widely accepted as a method for the analysis. “A vortex is a flow region with
predominance of vorticity surrounding a local pressure minimum” [8]. The Navier-Stokes
equation is reduced to equation 4 under incompressible flows with no unsteady straining and no
viscous effects assumptions:
𝟏
𝐃𝟐 + 𝛀𝟐 = − 𝛁(𝛁𝒑)
𝝆

(𝟒)

This form of the Navier-Stokes equation allows to analyze the pressure minima points in
relation to vertical motion; a vortex is a connected region with two negative eigenvalues of D2 +
Ω2. Because of symmetry, the eigenvalues of D2 + Ω2 are real. For eigenvalues 𝜆1 ≥ 𝜆2 ≥ 𝜆3 ,
and 𝜆2 < 0, the presence of a VS is indicated. 𝜆2 = 𝜆2𝑡𝑟 is applied, 𝜆2𝑡𝑟 is a defining value of
the surface of a VS [8].
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Figures 8, 9, 10, and 11 show the results of the coagulation cascade (CC), VS dynamics coupled
with flow field, spatially averaged wall shear stress, and thrombin distribution models,
respectively:

Figure 8 shows the concentration of some the enzymes as blood flows and a chemical reaction
takes place with the AAA wall. The three distinct phase of thrombin formation are time-lag,
accelerated, and plateau phases, as shown [8].

Figure 9 shows, for three different time points of the cardiac cycle, the vorticity magnitude (s-1)
in the first row, and VSs values using the Lamda2 method (s-2) in the second row [8].
17

Figure 10 shows the spatially averaged wall shear stress (AWSS) vs time during contraction
phase (systolic) of cardiac cycle. It is shown that AWSS increased by about 4 folds during VSs
impingement (t=0.15 s to 0.4 s) with respect to relaxation phase (diastolic) of cardiac cycle [8].

Figure 11 demonstrates thrombin formation for case A, large subendothelial exposure, and case
B, small subendothelial exposure [8].
18

Thrombin formation in the lumen of the aorta is triggered when the interior wall of the
aorta is degraded, and the subedothelial layer is exposed to factor IX and X in the blood [8]. The
production of thrombin is slow at first, rapidly increases when the intrinsic pathway is activated,
and, finally, it reaches a plateau phase, refer to figure 8. It can be concluded that large damaged
areas of the AAA will result in large endothelial layer exposure to the flowing blood, affecting
blood flow, and ultimately increasing the rate of thrombin formation [8].
The presence of thrombin alters the trajectory of fluid flow in the region of the aneurysm
cavity, and it causes complex flow fields to generate, also known as coherent vertical structures
VSs [8]. VSs resemble turbulent fluid flow in a way, see figure 9. When intense VSs interact
with the layer of the thrombus mass, shear stress spikes as shown in figure 10. An increase in
shear wall stress against the thrombus can result in the release of small emboli into the blood
stream. Such emboli will circulate in the body and can potentially cause strokes. When more
surface area of the subedothelial layer is exposed to the blood, more thrombin formation occurs.
The turbulence nature of blood flow in the aneurysmal region causes thrombin to form in the
distal part of the aneurysm. For both cases, A and B, shown in figure 11, thrombin formation
took place in the distal region of the AAA, with the formation of more thrombin in case A than
in case B [8].
This model couples fluid domains with chemical domains, which can aid in discovering
the unknown mechanisms of ILT formation in AAAs and the risks associated with increased
formation of ILT in AAA. In addition, the effect of ILT on wall stress is noteworthy. Some
studies have shown that ILT formation is a natural positive response to aid in the protection
against aneurysm rupture [9].
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According to Mower et al., it is suggested that ILT presence on the aneurysmal wall can
be helpful in providing some resistance against tissue failure or rupture [9]. ILT can contribute to
reducing the applied stress at that location on the aneurysmal wall. Mower et al. used FEM to
examine the effect of ILT on AAA wall stress. Their FEM model had the following assumptions:
axisymmetric structure, no external forces or pressure effects, elastically deformed,
homogeneous, and isotropic material behavior. The FEM model consisted of three concentric
layers as shown in figure 12. ILT was introduced in the aneurysmal cavity [9].

Figure 12 an axisymmetric finite element grid of a small aneurysm is shown in A. Rotation of the
grid in A about an axis of symmetry generates the 3D structure shown in B [9].
ILT effects on maximum wall stress were observed by varying three parameters: relative
thrombus depth (or thickness of ILT), thrombus elastic modulus, AAA wall elastic modulus for
ILT elastic modulus of 0.02 MPa and 0.20 MPa, shown in figures 13 to 15, respectively [9].

20

Figure 13 the size of the ILT helps in decreasing the maximum wall stress on the AAA’s wall.
Maximum wall stress is expressed as percentage of stresses in the aneurysm with no ILT and
Thrombus depth is a fraction of the diameter [9].

Figure 14 A decrease in maximum wall stress is observed as the
elastic modulus (strength) of ILT increases. . Maximum wall stress is
expressed as percentage of stresses in the aneurysm with no ILT [9].
21

Figure 15 as the AAA’s wall becomes stiffer, ILT is not able to absorb much of the stress, unless
ILT has a high Elastic modulus. Maximum wall stress is expressed as percentage of stresses in
the aneurysm with no ILT [9].

It is shown in the figures that the presence of ILT resulted in reducing the maximum wall
stress applied on the AA wall by at least 30% for all three parameters [9]. Thus, it can be
concluded that the presence of ILT can support the wall of AAA to some extent. Mower et al
suggest that the formation of ILT is a natural response to protect against aneurysm rupture,
because ILT absorbs the wall stress [9]. Also, they suggested that a larger ILT provides more
protection as long as the relative size of the ILT is relatively small to the aneurysmal volume,
and the protection decreases as the ILT size approaches the size of the aneurysmal cavity.
However, the effect of ILT on blood flow and shear stress must not be ignored. The presence of
ILT with a significant mass alters the nature of blood flow from laminar to turbulent flow. The
presence of turbulent flow can cause elevated shear wall stress and ILT formation rate to
increase [8].
22

Vorp and Geest demonstrated a patient-specific biomechanics approach to understand the
process and to predict rupture in AAA patients [3]. They focused on the derivation of
constitutive relationships via in-vivo mechanical testing and ex-vivo tensile testing. In-vivo
imaging testing is non-invasive and is done via CT scans and ultrasound techniques. Such
techniques are the most common in detecting AAAs via modeling of the aneurysm using FEM.
Also, they help in detecting ILT via recording measurements of compliance. However, in-vivo
imaging testing is not sufficient to derive the constitutive models for patient-specific local wall
stress analysis. Rather, ex-vivo tensile testing is typically performed in order to derive
constitutive equations. Vorp and Geest considered anisotropic properties for human abdominal
aorta in their model [3]. Their work is the first to propose an anisotropic constitutive relation for
AAA [3]. The effect of the presence of ILT on wall stress, the thickness effect of ILT on wall
strength, and wall stress, strength, and RPI for patient-specific AAA are shown in figures 16,17,
and 18, respectively.

Figure 16. The effect on ILT on wall stress implies that ILT helps in reducing wall
stress on AAA’s wall [3].
23

Figure 17 The presence of a thick ILT near the aortic wall reduces the strength
of the wall compared to a thin or no layer of ILT near the aortic wall [3].

Figure 18 Wall stress (A), strength (B), and RPI (C) for a patient-specific
AAA [3].
24

Vorp and Geest suggest that the presence of ILT in finite element analysis of AAA is
essential for more accurate computations, because ILT can play a vital role in reducing wall
stress, see figure 16 [3]. Thicker size ILT decreases the wall tensile strength, but thinner ILT
increases wall tensile strength, refer to figure 9. Equation 5 was used to calculate the wall
strength noninvasively depending on the patient’s age, sex, smoking status, family genetic
history of AAA, and size of AAA [3].

𝑺𝒕𝒓𝒆𝒏𝒈𝒕𝒉 = 𝟏𝟒𝟏. 𝟐𝟔 − 𝟏𝟕. 𝟏𝟔 ∗ 𝑰𝑳𝑻 + 𝟑. 𝟑𝟗 ∗ 𝑨𝒈𝒆 − 𝟐𝟓𝟕. 𝟑𝟎 ∗ 𝑵𝒐𝒓𝒅 − 𝟔𝟗. 𝟓 ∗ 𝑯𝒊𝒔𝒕
(𝟓)

+𝝐

Where ILT thickness is measured in cm, age is in years, sex (male=0, female=1),
smoking status (smoker=0, nonsmoker=1), family genetic history (with=1, without=0), size of
AAA in cm [3]. The equation above was applied for a patient-specific AAA and the results are
demonstrated in figure 10B. There is a need for biomechanical noninvasive techniques that
measure wall stress, wall strength, and potential rupture site. The development of such
techniques will aid in evolving a prognostic tool for clinicians to use.
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Zelaya et al. suggested a linear approach model in order to improve the efficiency,
effectivity, and ease of AAA wall stress computations, and, as a result, such models can be used
as clinical tools for patient-specific wall stress assessments [10]. They developed three models to
improve the relative accuracy of the linear approach used in computing AAA wall stresses: a
reference model, a conventional model, and a proposed linear model, as shown in figure 19 [10].

Figure 19 Three models were employed in the study. The deformed configuration of the
reference model is the initial configuration for conventional and linear models. For (A & B)
models, the walls are hyperelastic with nonlinear behavior. For (C) model, the walls are linear
elastic in properties, with infinitesimally small deformations and strains [10].
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For all the models proposed, the equations of equilibrium were used and solved with the
boundary conditions as shown in the equilibrium equation below [10]:
𝛁. 𝝈 = 𝟎

𝒊𝒏 𝛀

(𝟔)

Where 𝜎 is the Cauchy stress tensor, Ω is the body domain in the deformed configuration.
Boundary conditions shown in equations 7.

̂ = −𝒑𝒏
̂
𝝈.𝒏

𝒐𝒏 𝚪𝒍

̂=𝟎
𝝈 .𝒏

𝑎𝑛𝑑

𝒐𝒏 𝚪𝟎

(𝟕)

Where 𝑛̂ a unit vector is normal to the wall surface, p is the intraluminal systolic pressure which
is 120 mmHg (0.016N/mm2), Γ𝑙 is the lumen surface of the deformed configuration, Γ𝑜 is the
outer surface of the deformed configuration.
Equation 8 is an energy density function, W, for an almost incompressible, homogenous,
and isotropic AAA wall properties:
𝑾 = 𝛼(𝐈𝐁 − 3) + 𝛽(𝐈𝐁 − 3)2 + 𝛾(𝐈𝐁 − 3)3

(8)

Where 𝜶, 𝜷, & 𝜸 are coefficients that denote the properties of the tissue are, 𝚰𝑩 is the first
invariant of the left Cauchy-Green Tensor 𝚩 (𝚰𝑩 = 𝒕𝒓𝚩) with𝚩 = 𝑭𝑭𝑻 ; F is the deformation
gradient tensor.
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Equation 9 represents a constitutive relation for nonlinear material.

𝝈 = −𝐻𝐈 + 2

𝜕𝑊
𝐁
𝜕𝐈𝐁

(𝟗)

Where H is the hydrostatic pressure, and 𝚰 is the Identity tensor.
The following assumptions were made for the linear model: almost incompressible, linear and
elastic material, and high Young’s modulus. The constitutive relation is expressed in equation
10.
𝛔 = 𝐂𝛆

(𝟏𝟎)

Where C is the stiffness tensor, for an isotropic material C depends on E and Poisson’s ratio 𝜐,
𝜀 is the infinitesimal strain. E=8.4*109 N/mm2 and 𝜐 = 0.4999 were used for the linear model
[10].
Initial configurations and material properties were different among the three models. The
initial configuration of the reference model was the unstressed and unloaded configuration of the
tissue. For the conventional and linear models, the initial configuration is the deformed
configuration of the reference model [10].
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Figure 20 shows a thick wall cylindrical model with applied internal pressure, and no
stress or load is applied in the undeformed configuration. However, internal pressure exists in the
deformed configuration [10].

Figure 20 shows the deformed configuration once an internal pressure is applied. A represent
the internal wall radius, B represents the external wall radius, and R represents the radial wall
coordinate. Where a, b, and r represent the same thin, but in the deformed configuration [10].
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Figures 21 and 22 show effective stress results obtained using the three different models and the
relative difference in effective stress between the linear and conventional model:

Figure 21 shows the effect of variable wall thickness on wall stress distributions using all three
models. A is an axisymmetric model with longitudinally-varying wall thickness, where B is a
plane strain model with circumferentially varying wall thickness [10].
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Figure 22 shows the effect of different geometries of AAA on wall stress distributions using all
three models. A is an axisymmetric model, B is an axisymmetric model with ILT, and C is a
patient-specific model [10].
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Figure 23 shows the effect of wall/thrombus material property ratio (MPR) on the effective stress
distributions [10].

Figure 24 shows a comparison of circumferential stress distributions using the different tissue
properties values shown in table 1 above (RV, P1, & P2), and results using the linear model
(Lin). (A) is a small aneurysm, where B is a bigger aneurysm [10].
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Zelaya et al. concluded that their linear approach can be used to accurately approximate
wall stresses for various geometries with different material properties, which makes their model
easy to use as a clinical tool for measuring and analyzing patient-specific wall stresses [10].
When comparing the linear model with reference model, figure 21, the linear model
demonstrates closer approximations of stress values to the reference model. Thus, Zelaya et al.
suggests that the linear approach can be a better accurate tool to measure wall stresses and effects
of wall thickness than the conventional model [10].
Zelaya et al. accounted for curvature in their models. They constructed an axisymmetric,
curved wall aneurysms subjected to internal pressure at the interior [10]. They found that higher
stresses are found at walls with higher curvature, figure 22A. Also, they considered the effect of
ILT on wall stress, figure 22B. They assessed the effect of complex curvature and asymmetry in
an aneurysm. They considered patient-specific AAA and applied the models to approximate wall
stresses, Figure 22C. In all of the aforementioned cases, the linear model had closer
approximations to the reference model. This finding indicated that the linear model is a more
accurate model in computing wall stresses for various geometries of AAA, and provides
desirable physiological wall stress profile over the wall thickness [10].
Realistically, aneurysms are not usually symmetrical, and it is important that modeling
methods account for that fact. Considering asymmetry in modeling methods will allow us to
compute more accurate values of stresses and strains, and, eventually, improve the assessment of
rupture site in the aneurysm.
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The expansion of AAA’s wall is not usually symmetrical overtime. Most of the
aneurysms exhibit asymmetric and complex geometrical shapes. The bulge shape and diameter
of the AAA may have an effect on wall strength and risk assessment [11]. Vorp et al. focused on
studying AAA wall stress distribution due to the effects of AAA bulge and diameter, as shown
below [11].

Figure 25 shows a 3D model of an AAA, where ra is the maximum anterior wall
dimension, and rp is the maximum posterior wall dimension. The vertical dashed line
passes through the center of the undilated inlet and outlet. Inflection points (IP) indicate
the points at which the concavity of the wall changes from outward to inward and viceversa [11].
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Vorp et al. constructed a 3D hypothetical aneurysm using computer software. Varying
wall thickness was not considered in the study, since the main focus is on symmetry, asymmetry,
and maximum diameter of the bulge [11].

Each

Figure 26 shows two cases, varying the asymmetry under constant
maximum diameter (fusiform and saccular aneurysms) and varying
maximum diameter [11].

modeled aneurysm was 12 cm long (z=0, superior end, and cm to z=12 cm, inferior end), where
z= 6 cm is the midsection. Wall thickness of the aneurysms generated above was kept constant
and uniform at 1.5 mm, 𝐷𝑚𝑎𝑥 = 𝑟𝑝 + 𝑟𝑎 , and 𝛽 = 𝑟𝑝 /𝑟𝑎 . The analysis was done using finite
element techniques. ANSYS finite element software was used to discretize each aneurysm into
small linear elastic, quadrilateral shell elements. The total number of total elements ranged from
3200 to 3800 depending on the structure of each constructed aneurysm [11]. The wall tissue was
assumed to be incompressible, the applied internal pressure was 120 mmHg (1.6 N/cm2), the
shear stress was neglected due to its small values compared to large wall stress values, the elastic
modulus of the tissue was E= 500 N/cm2, and the Poisson’s ratio was v=0.49 [11].
35

The results of the 3D analysis of wall stress distribution for a total of 10 constructed
aneurysms (5 with constant maximum diameter and 5 with constant symmetry) are shown below.

Figure 27 shows distribution of mechanical wall stress for all 10 aneurysms. For A, the
symmetry is varied, and for B, the maximum diameter is varied. The left columns of A and B
show the anterior surface of the aneurysm, where the right columns of A and B show the
posterior surface of the aneurysm. The anatomic reference is shown above where the aneurysm
is attached to the vertebrate column. The color scales on the side represent the magnitudes of
wall stress (in N/cm2) [11].
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The effects of asymmetry and maximum diameter on the circumferential wall stress
distribution and longitudinal wall stress distributions at midsection, anterior, and posterior
surfaces are shown in figures 19, 20, and 21, respectively [11].

Figure 28 shows A, effect of symmetry, and B, effect of maximum diameter, on the
circumferential wall stress distribution starting from the posterior position and ending in
the anterior position along the angle theta of the midsection of each aneurysm, as shown in
figure 24 [11].
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Figure 29 shows A, effect of symmetry, and B, effect of maximum diameter, on the longitudinal
wall stress distribution on the anterior surface, starting from z= 0 cm, superior end, to z=12 cm,
inferior end, and z= 6 cm is the midsection [11].
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Figure 30 shows A, effect of symmetry, and B, effect of maximum diameter, on the longitudinal
wall stress distribution of the posterior AAA’s surface, starting from z= 0 cm, superior end, to
z=12 cm, inferior end, and z= 6 cm is the midsection [11].
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Figure 31 shows the effect of increasing diameter and asymmetry on the peak wall stress
constructed AAA [11].

Based on the results of the study, it was observed that different shapes of AAA
experience different wall stress distributions, in which, some maybe at higher risk than the others
depending the values of the wall stress in each AAA. However, this study is not sufficient to
conclude whether the maximum wall stress is always at the midsection, where the maximum
diameter is, or else where within the aneurysm, or whether the most bulging aneurysm is at a
higher rupture risk than the less bulging aneurysms. On the other hand, it can be concluded that
an increase in maximum diameter and asymmetry will increase the risk of rupture over all [11].
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Chapter 3
Purpose of Study
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Goals and Objectives
•

Develop the capability to simulate the deformation of the aorta walls during progression
of AAA that requires:
•

Capability to conduct finite element analysis of pipes made from soft tissue to
determine
•

Stress and strain in the region of the aneurysm

•

How they are affected by variables such as collagen degradation

•

Develop/identify accurate constitutive relationships between stress and strain for
large deformations

•

Develop a rupture criterion

Hypothesis
Collagen degradation causes a change in the average Elastic Modulus (Eavg) in aortic tissues,
which ultimately leads to the development and rupture of abdominal aortic aneurysms.
Aims


Study, observe, and develop stress-strain relationships in healthy and collagen degraded
abdominal aortic specimens



Model the growth of AAA from an initial stage of the disease progression via conducting
finite element analysis on an aneurysmal aortic model.
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Chapter 4
Mechanical Testing and Modeling Approach
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Problem
Abdominal Aortic Aneurysm (AAA) is the bulging or abnormal expansion in diameter of
the abdominal aorta (the region of the aorta directly below the renal arteries and directly above
the bifurcation point to the femoral and iliac arteries). If AAA is left untreated, then there is a
high risk of rupture. If rupture occurs, then the person’s life is at risk if not hospitalized
immediately. One of the current challenges that physicians face is detecting the rupture site of
the aneurysm accurately due to the lack of good prognostic tools that help them in anticipating
the rupture site and develop a treatment plan for the patient. Such a prognostic tool must be able
to model the rupture criteria via measuring the rate of growth of the aneurysm, determining how
the tissue properties change with time and growth of the aneurysm, predicting rupture site based
on changes in such properties, and ultimately to be able to give a better understanding of disease
progression.
AAA Model
In order to study the problem and be able to contribute to development of a prognostic
tool for detecting and predicting rupture site, it is important to define the biological forces
present, model the growth of the aneurysm, and model the dynamics of blood-tissue interaction.
Such an approach will allow us to study the stress-strain relationships of the deformed
aneurysmal aortic wall, the laminar vs. turbulent flow in the aneurysm and how it affects the
shear stress on the wall of the aorta, and the effect of turbulent flow on the formation of
intraluminal thrombus on the aortic aneurysm wall. Finite element analysis and computational
fluid dynamics are computer-based modeling tools that aid in the study of stress-strain
relationships on tissue models, and fluid-structure analysis on blood vessel-like models. Good
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representation of material properties representative of the aortic wall tissue is an important aspect
of developing a prognostic tool.
Mechanical Testing
In this study uniaxial testing of healthy longitudinal and circumferential abdominal aorta
(AA) specimens and collagen degraded (“aneurysmal”) longitudinal and circumferential AA
specimens was performed, as shown in figure 32.

Figure 32 shows the deformation stages the specimen until rupture takes place (left)
and one of our specimens rupture point after uniaxial testing was performed (right).
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Instron 5944 machine was used for all the mechanical testing performed. The Instron was
equipped with a Bioplus bath where testing can be performed under environmental conditions
that resemble the soft tissue in vivo environment. The mechanical tensile test was performed
based on strain rates of 1, 0.1, 0.01, 0.001 mm/mm/min. For every strain rate, the mechanical test
was carried in two steps: (a) 5 cycles of hysteresis for each specimen for up to 20% strain, and
(b) tensile test until rupture.
Abdominal aortic specimens were obtained from pigs (5 months, 200 lb.). Certain
sections of the aorta were cut vertically to obtain a longitudinal orientation and some sections
were cut horizontally to obtain a circumferential orientation. Each specimen had a length of 5-7
cm, width of 2-2.5 cm, and thickness of approximately 1.5-2 mm. The specimens were frozen at
in the – 80 0C freezer, and, prior to mechanical testing, the specimens were removed from the
freezer to thaw at room temperature for 12 hours. Then, the specimens were mounted on the
Instron machine and were left to sit in the Bioplus bath, which contains saline solution (1X PBS),
at 37 0C for 30 minutes before performing the mechanical tests.
Collagen degraded abdominal aortic specimens were immersed in collagenase solution
for 24 hours prior to mechanical testing. The collagenase solution had a concentration of 0.11
g/ml, and was made via mixing of collagenase powder with 1X HBSS (Hank’s Balanced Salt
Solution). Specimens were placed in a fresh collagenase solution prior to every test performed.
All collagen degraded specimens tensile testing was performed at a strain rate of 1 mm/mm/min.

46

The following was observed from the data collected: The relationship between stress and
strain, elasticity of healthy and collagen degraded specimens, and the age corresponding to the
specimens based on actual AAA donors’ data reported in the literature. A mathematical model
from Ranghaven et al. was applied in this study [5]. The model is shown in figure 33:

Figure 33 the stress-strain model relationship per phase. Phase 1 involves elastin support, Phase
2 involves the onset of collagen fibers support, and Phase 3 involves all collagen fibers support.
On the right, the equations that describe the elastic modulus of each phase [5].
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According to Raghaven et al. [5], equations 11-13 express the mathematical relationship
between stress and strain.

𝒅𝝈
|
= 𝒄𝒐𝒏𝒔𝒕𝒂𝒏𝒕 = 𝑬𝑬
𝒅𝜺 𝝈→𝟎𝒚

(𝟏𝟏)

𝒅𝝈
|
= 𝒄𝒐𝒏𝒔𝒕𝒂𝒏𝒕 = 𝑬𝑬 + 𝑬𝑪
𝒅𝜺 𝝈→𝝈𝒚

(𝟏𝟐)

𝝈|𝒑𝒉𝒂𝒔𝒆 𝟏 =

𝟏

𝜺

(𝟏𝟑)

𝟏
𝑨
𝝈|𝒑𝒉𝒂𝒔𝒆 𝟑 = ( ) 𝜺 −
𝑲
𝑲

(𝟏𝟒)

𝑨
(𝑲 + 𝑩)

From the model, phase 1 represents the incorporation of elastin only, phase 2 represents
the onset of collagen recruitment, and phase 3 represent the complete recruitment of all collagen
fibers. The mathematical equations provided model the stress-strain behavior where K, A, and B
are model parameters. In this study, the main focus was on parameter A. Raghaven et al.
calculated the value of parameter A for every donor whose age was known [5]. In our study, the
value of parameter A was used to introduce the concept of critical strain, and help relate age to
collagen content in the tissue.
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Finite Element Method Modeling Approach
Abaqus 6.14 CAE/CFD computer modeling software was used to construct the structural
geometry of a healthy abdominal aorta and an aneurysmal abdominal aorta of the aneurysm, to
model the deformation as a function of time on healthy and aneurysmal aortas using the elastic
modulus calculated from the data collected.
Tissue Property in FEM Model
The healthy aortic tissue properties typically display non-linear, anisotropic hyper-elastic
or visco-elastic behavior. In this study, the analysis was conducted with the following
assumptions: isotropic, non-linear, elastic modulus of 2.1 MPa, Poisson’s ratio of 0.45, and
arterial wall density of approximately 1200 Kg/m3.
Geometry Construction in FEM Model
The structural geometry of healthy abdominal aorta resembles that of a pipe with a
circular cross section of outer radius R and inner radius r, wall thickness w, and Length L. The
geometry of a healthy abdominal aorta was constructed in ABAQUS with dimensions that are
equivalent to the actual dimensions of the abdominal aorta. The outer radius of the abdominal
aorta is approximately 1.5 cm, the wall thickness is approximately 2 mm, and the length ranges
from 10 to 15 cm. For the aneurysmal aortic model, the same geometry configuration was
constructed. A refined mesh was applied to the geometry which created at least 20,000 solid
elements. The boundary conditions at the edge or end of the geometry may affect the mesh and
may cause irregular deformation behavior in the model near the ends, thus the actual length of
the geometry of the abdominal aortic model was extended by at least 2 cm on each end in order
to account for this abnormal behavior.
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Varying Tissue Properties in FEM Model
The aorta contains two major proteins, elastin and collagen. While elastin gives the
ability to recoil, collagen provides the wall strength and holds smooth muscle tissues together.
When the elastin or collagen in the aortic tissue start to degrade, the tissue will experience
change in properties. To be able to study how growth takes place and be able to predict the
rupture site, it was important to observe how the properties of the aortic wall change as growth
occurs over time. One of the main properties of the tissue that will change with growth is the
elastic modulus. In this analysis, the elastic modulus value calculated from the collagen degraded
aortic specimen data was assigned to the aneurysmal section of the aortic model. A Stress-strain
relationship analysis was observed based on the value of the elastic modulus.
Varying Non-Tissue Properties in FEM Model
In addition to varying tissue properties, external factors such as blood pressure must be
considered. Many patients who suffer from hypertension also develop AAA at some point in
their lives. Hypertension creates more force per unit area on the weak aneurysmal wall of the
aorta causing an increase in diameter of the aneurysm and as a result an increased risk of rupture.
In this study, systolic and diastolic blood pressure values were used in the analysis with lowest
being the normal blood pressure value of 80 mmHg (or approximately 12000 N/m2) and the
highest being 120 mmHg (or approximately 16000 N/m2).
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Chapter 5
Data and Results
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The experimental and finite element analysis results from this study are presented in this
section and are discussed in-depth in the next section. The stress-strain data were plotted to show
the uniaxial relationship between stress and strain for healthy longitudinal and circumferential
AAA specimens and collagen degraded specimens, as shown in figures 34-37:

Figure 34 stress-strain relationship of healthy aortic tissue in the
circumferential orientation at 4 different strain rates

Figure 35 stress-strain relationship of healthy aortic tissue in the
longitudinal orientation at 4 different strain rates
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Figure 36 Stress-strain relationship of Collagen-degraded aortic specimens.
Longitudinal orientation (blue line) and Circumferential Orientation (red line).
The stress-strain relationship in the graph indicates that all the collagen was
degraded and only elastin is present.

Figure 37 the stress-strain relationship for healthy and collagen-degraded
specimens at strain rate of 1 mm/mm/min
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Regression of the uniaxial testing data collected was performed in MATLAB. The data
obtained from the uniaxial testing of longitudinal, circumferential, and collagen degraded
specimens were fitted using MATLAB fitting toolbox. The root mean square errors of the bestfit did not exceed 7.2%. The fitted graphs are shown in figures 38-42:

Figure 38 exponential fit of stress-strain data of longitudinal (A) and circumferential (B) healthy
specimens at a strain rate of 1 mm/mm/min.
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Figure 39 exponential fit of stress-strain data of longitudinal (A) and circumferential (B) healthy
specimens at a strain rate of 0.1 mm/mm/min.
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Figure 40 exponential fit of stress-strain data of longitudinal (A) and circumferential (B) healthy
specimens at a strain rate of 0.01 mm/mm/min.
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Figure 41 exponential fit of stress-strain data of longitudinal (A) and circumferential (B) healthy
specimens at a strain rate of 0.001 mm/mm/min.
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Figure 42 linear fit of stress-strain data of longitudinal (A) and circumferential (B)
collagen-degraded specimen at a strain rate of 1 mm/mm/min.
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A healthy abdominal aorta was modeled in ABAQUS. A cylindrical geometry was used
with the following dimensions: Length of 14 cm, outside diameter of 3 cm, and thickness of 0.2
cm. The model was assigned an isotropic material behavior, elastic modulus value calculated
from the experimental data, and a Poison’s ratio of 0.45. The geometry was meshed using C3D8
8-noded hex elements type and has a total of 20,000 elements, as shown in figure 43. Pinned
boundary condition was applied to each end.

Figure 43 Constructed geometry of the aorta in
ABAQUS.
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An internal cyclic load of constant amplitude with a sinusoidal waveform, figure 44, was
applied to the internal surface of the healthy aortic model.

Figure 44 the sinusoidal function of blood pressure, the Y-axis is in units of kPa and the x-axis is
in units of seconds [14].
The periodicity of the cyclic load was 10 seconds, and the resulting Von Mises stress
distributions (kPa) were calculated upon applying the load and are shown in figure 45:

Figure 45 blood pressure values (stress distribution) during systole on the interior
elements of the aorta

60

After completion of the Finite element analysis, one element was chosen from the healthy
aortic tube model to illustrate the stress and circumferential strain magnitudes as a function of
time (figure 46):

A

B
Figure 46 Max Principal strain (A) and Max Principal Stress (kPa) (B) over the time step
interval for one element chosen from the interior of the healthy aortic model
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An aneurysmal aortic model was implemented, too. For the aneurysmal model, the
geometry and dimensions were the same as the healthy model. However, in the aneurysmal
model, the tube was partitioned into 2 sections. One section was assigned the elastic modulus
value of a healthy aortic tissue, and the second section was assigned the elastic modulus value of
the collagen degraded aortic tissue, as shown below:

Figure 47 The green section is assigned the average elastic modulus value for the healthy aortic
tissue. The yellow section is assigned the average elastic modulus value for collagen-degraded
tissue.
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The periodic load was applied over a step time of 10 seconds, and the resulting Von
Mises stress distributions (kPa) were calculated upon applying the load and are shown in figure
48.

Figure 48 Von Mises stress values on the interior of the aneurysmal aortic model
during diastole
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After completion of the Finite element analysis, one element was chosen from the
aneurysmal section of the aortic tube model to illustrate the stress and circumferential strain
magnitudes as a function of time (figure 49):

A

B

C
Figure 49 Radial strain (A), Circumferential Strain (B), and Max Principal Stress (C) over the
time step interval for one element chosen from the interior of the aneurysmal aortic model.
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Chapter 6
Discussion
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In this study, the mathematical model developed by Raghaven et al. was used to describe
the ex vivo biomechanical behavior of healthy and collagen degraded abdominal aortic
specimens [5]. From the model, most attention was given to parameter A, which is defined as the
point at which collagen fibers are fully engaged in the tissue due to the applied tension [5]. In
this study, a more precise definition of parameter A is assigned where parameter A is also
defined as the critical strain value (εc) that is related to expected strain at rupture. When the
applied strain exceeds the critical strain value of the tissue, the tissue will be at a higher risk of
rupture.
According to Raghaven biomechanics notes [13], the behavior of elastin and collagen is
shown in figure 43:

Figure 50 stress-strain relationship of elastin only (on left) and collagen only (on right) [13].

Initially, collagen fibers are loose and support minimal stress but they begin to uncoil
after a certain strain point is reached. Elastin and collagen behavior by themselves are both linear
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with vastly different elastic properties. However, when multiple strands of both types of fibers
are in action, the resulting behavior appears to be exponential as shown in figure 44.

Figure 51 the combined stress-strain relationship of elastin and collagen [13].

The recruitment phases described previously in figure 33 are depicted schematically in
the graph above where phase 1 represents the recruitment of the 1st collagen fiber, phase 2
represents the recruitment of the 2nd collagen fiber, and phase 3 represents the recruitment of all
collagen fibers. Based on our study, when all collagen fibers are recruited, then the tissue is said
to be at critical strain condition.
When collagen and elastin are both present in a healthy tissue, the tissue response to
uniaxial tension will exhibit exponential behavior as shown previously in figures 34-35 from
healthy specimens. Also, the uniaxial testing was performed at 4 different strain rates in order to
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show how the average elastic modulus decreases for slower strain rates. On the other hand,
looking at collagen degraded uniaxial test results in figure 36, the specimens exhibit a linear
behavior under uniaxial tension. This behavior resembles the behavior suggested by Raghaven
studies [5][13]. Thus, it supports the notion that collagen did degrade, and elastin is the only
component of the tissue material available in the tissue to support the load.
Collagen is important for the tissue to maintain its strength. If only elastin fibers are
present, the tissue will be much weaker. As a result, the tissue will have a very low critical strain
value. Consequently, the tissue will be at a much higher risk of rupture.
Many studies assess the biomechanical behavior of human AAA and rupture risk in vivo
using modern imaging techniques, geometry reconstruction software, and finite element analysis
software. However, it is not sufficient to rely solely on imaging. It is essential to observe actual
tissue biomechanics through ex vivo mechanical testing. This study focuses on evaluating tissue
properties using ex vivo mechanical testing and using those properties in the finite element
models in ABAQUS. As a result, AAA growth kinetics and rupture risk assessment will be more
accurate.
When comparing the average elastic modulus for healthy tissue with the average elastic
modulus for collagen degraded tissue, it is noticeable that the collagen degraded tissue is less
compliant or stiffer than the healthy tissue. The decrease in stiffness can be due to collagen
degradation in the tissue which leads to smooth muscle degradation [3][12]. Such change in
tissue properties alters the biomechanical behavior of the tissue as shown previously in the
collagen degraded stress-strain relationship in figure 36.
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The value of parameter A was calculated for and associated with each AAA specimen
donor in Raghaven et al. study [5]. Table 3 shows the calculated values of parameter A for
aneurysmal donors and their corresponding age group. As stated in chapter 3, equation 14 was
used by Raghaven to calculate A.
𝟏
𝑨
𝝈𝒑𝒉𝒂𝒔𝒆 𝟑 = ( ) 𝜺 −
𝑲
𝑲

(𝟏𝟒)

Table 3 Parameter A calculated values for donors with the ages listed
from Raghaven et al. study [5].
DONOR

AGE

A

A CORRECTED

1

47

0.132

0.116

2

31

0.294

0.231

3

34

0.193

0.155

4

60

0.088

0.084

5

48

0.126

0.111

6

58

0.429

0.403

7

49

0.298

0.265

In order to have a better assessment of collagen degradation due to aging, our study
focused on comparing our results with Raghaven et al. results [5]. For healthy AA specimens and
collagen degraded specimens, the average E values, parameter A (critical ε), average maximum
stress, and average maximum strain (ε at rupture) are shown in Table 4.
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Table 4 calculated values of average elastic modulus, parameter A, average uniaxial max stress,
and average max strain for all the specimens used in the study.
Specimens
Group

Average E
(MPa)

A
(εc)

Average max σ
(MPa)

Average max ε
(ε at rupture)

Healthy
longitudinal
(N=12)
Healthy
circumferential
(N=12)
Collagen
degraded
longitudinal
(N=6)
Collagen
degraded
circumferential
(N=6)
Values given as

1.8981 ± 0.4296

0.3869 ± 0.0556

0.8126 ± 0.1133

0.8598 ± 0.1178

2.3505 ± 0.1811

0.4391 ± 0.0754

0.9344 ± 0.0678

0.8743 ± 0.1248

0.1031 ± 0.0073

0.0074 ± 0.0003

0.0734 ± 0.0013

0.6827 ± 0.1522

0.0949 ± 0.0042

0.0077 ± 0.0002

0.0468 ± 0.0021

0.4904 ± 0.1034

Mean ± SEM

When comparing the values of parameter A calculated in our study (Table 4) with the
values of parameter A in Raghaven et al. study (Table 3), we conclude that the higher value of A
for a healthy tissue with normal collagen content is an indicative of an age younger than 30 years
old. However, in Raghaven et al. study [5], the A value for donors 6 and 7 are higher than the A
values for donors 2 and 3. Such discrepancy could be an artifact of how the value of A was
calculated in their study. This deserves a more in depth analysis that reassess the physical
significance of parameter A, as observed in our study where the A values for all of our
specimens were calculated. It is shown in Table 4 that the A values are smaller for collagen
degraded specimens than for healthy specimens. As collagen degrades in the tissue, the A value
(εc) decreases. Consequently, the tissue weakens and will not be able to withstand moderate to
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high stress. In addition, our study indicates that collagen degrades as humans’ become older
based on associating parameter A (critical strain εc) values with the corresponding age of each
donor from Raghaven et al. study [5]. Thus, the risk for rupture also increases severely with age.
The equation adapted from Raghaven et al. study can be rewritten as:
𝟏
𝜺𝒄
𝝈𝒑𝒉𝒂𝒔𝒆 𝟑 = ( ) 𝜺 −
𝑲
𝑲

(𝟏𝟓)

From the results of the Finite Element Analysis for an axisymmetric healthy tube, the
stress is constant along the length and circumference of the cylinder due to the isotropic material
property assigned. Also, the maximum values of pressure are on the internal surface of the tube.
The axisymmetric bulging of the healthy tube in figure 45 resembles the bulging behavior of a
healthy abdominal aorta in humans.
When comparing the healthy tube stress values with the aneurysmal tube stress values in
figures 45 and 48, respectively, it can be seen that the tube was bulging more in section 2 (the
collagen degraded section, yellow) at lower values of pressure. This observation proves the
importance of collagen in maintaining tissue strength and the ability to resist high strain values at
higher pressures. Thus, it can be concluded that hypertension patients who develop abdominal
aortic aneurysms need to monitor the growth of the aneurysmal more often than patients who do
not have blood pressure problems.
In addition, when comparing the max principal strain values for one element in the
healthy tube with one element from the aneurysmal section in the aneurysmal tube in figures 46
and 49, respectively, it can be seen that the max strain for the aneurysmal element has increased
by approximately a factor of 10 times that of the healthy element. Thus, collagen presence in the
tissue plays a vital role in maintaining the necessary support needed for resisting strain and
withstanding high stresses.
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The blood pressure assigned in the analysis was approximately in the range of 80 mmHg
to 145 mmHg. No hypertension blood pressure values were assigned, because the focus needed
to be on one variable (collagen content in the tissue). Focusing on such variable will allow us to
have better and accurate prediction of rupture criteria for a specific group of patients who suffer
from collagen degradation due to genetics or age.
Many causes contribute to developing AAA such as smoking, hypertension, gender, and
genetics. Realistically, the pathogenesis of AAA is not only dependent on the biomechanics,
rather it is a combination of biomechanics, genetics, and external causes or behavior. However,
the biomechanics portion of the pathogenesis must be considered because it accounts for a big
portion of the problem. Thus, analyzing the biomechanical behavior as far as stress-strain
relationships and fluid-structure interactions will contribute significantly to answering many
questions regarding the development and growth of AAA, and it will help in contributing to the
overall solution of the pathogenesis.
Observing the stress-strain relationships in aneurysms helps in evaluating the patient’s
case. It is important to be able to predict the stage of the diseased aneurysm and approximate the
amount of time left until rupture occurs. Stress-stain relationships allows for such a prediction to
take place because it can determine the site that is under the highest stress or strain. However, the
computations made by FEM software may not be accurate if the input parameters do not
accurately resemble those of the aneurysmal tissue properties. Thus, it is important to improve
upon experimental data in order to better improve the modeling aspect of the problem, which
will ultimately lead to a more precise prediction of rupture site and remaining time until rupture.
Under physiological conditions, the stress applied on the aorta is not uniaxial, rather, it is
biaxial. Relying on uniaxial testing is not sufficient, and studying the stress-strain behavior of
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aortic tissue under biaxial stress is needed. Conducting biaxial testing on artic specimens will
help us validate the accuracy of critical strain values that were calculated in this study as rupture
criteria parameters. Also, biaxial tension tests will allow us to obtain constants that relate to the
property of orthotropic and anisotropic materials. Ultimately such constants will be input into
FEA software such as ABAQUS in order to create a more accurate finite element models and
analysis of AAA, and, more importantly, to develop a more accurate risk assessment values.
In addition, other factors that potentially affect AAA growth are blood pressure and blood
flow, as mentioned previously. Altering pressure values will impact the velocity of the blood
flowing through the aorta due to the increase in heart rate. Thus, Laminar vs. Turbulent flow
behavior will take place in the aneurysmal aorta. It is very important to study the fluid-structure
flow of turbulent behavior, because turbulent fluid-flow of blood causes the formation of
intraluminal thrombus on the aneurysm wall. Once a thrombus mass is formed on the aneurysmal
wall, the turbulence in the blood flowing through the aneurysm will pick up small emboli from
the thrombus mass. Blood will carry the small emboli to the arterioles and venules which may
cause blood clots and, eventually, strokes. Thus, it is important to observe turbulent flow and
incorporate its presence in the risk analysis and in the prognostics to avoid catastrophic situations
of rupture or strokes [8][9][10].
One other variable that will be affected, by the change in velocity and type of flow, is the
shear stress on the inside wall of the aorta. Elevated shear stress will cause the intima layer of the
aortic wall to degrade at a faster rate, which results in weakening of the aortic wall. Such
analysis must be considered as we move on to develop more accurate rupture criteria. Shear
stress changes when altering velocity of the fluid and, in turn, alters the flow-type of the blood
[8].
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Chapter 7
Conclusions
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Over the past decade, significant new research in modeling AAA and predicting rupture
site has been conducted, and advancements in technology have allowed many new techniques to
be introduced that facilitate better assessment of potential for rupture in AAA patients. These
techniques have made it possible to incorporate factors that are used to predict rupture in AAA
such as gender, age, family history, smoking status, hypertension, aneurysm size, aneurysm
diameter, and intraluminal thrombus thickness in the models in assessing the risk of rupture
[1][3][8]. However, maximum diameter criteria still remains the main rupture assessment tool in
order to decide if surgical intervention is needed.
This study is devoted to the development of new criteria to assess rupture risk of AAA. In
fact, an accurate and reliable stress-strain analysis of an aneurysm is still needed. It will allow us
to create not only a precise three-dimensional solid model but also assign more accurate material
properties.
Our study elucidates the effect of collagen degradation in AAA rupture and how it can be
used to select a more accurate rupture criteria. From a biological point of view, collagen
degradation occurs due to the action of collagenases, which are a class of proteases enzymes.
Some of the collagenases that are prevalent in growing and ruptured AAAs are neutrophil
collagenase and cysteine collagenase K, L, and S [16]. Excessive collagenase activity causes
weakening and destruction of the aortic wall. In fact, biomechanical studies have shown that
collagen present in media and adventitia layers of the aortic wall is responsible for maintaining
tissue microstructural stability [16]. This study shows how the biomechanical relationship of the
aortic tissue changes due to the absence of collagen in the tissue. It is indicted that collagen
degradation weakens the tissue and alters its microstructure. To our knowledge, this study is the
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first to examine the biomechanical behavior of the aortic tissue after complete degradation of
collagen.
From the results of this study, it is observed that an aneurysm causes significant changes
in the biomechanical properties of the aortic tissue. The results indicate that changes in tissue’s
collagen microstructure, due to degradation, critical strain to rupture will be a better indicator for
implementing rupture in AAA.
In the literature, the tissue property of the aorta is reported as being anisotropic. Our
study shows that the elasticity of the longitudinal and circumferential orientation of the tissue is
approximately the same, making it at least orthotropic. Thus, justifying our assumption of
isotropic behavior in the ABAQUS model. Although assumptions such as isotropy can result in
under estimation of strain and stress values, the results are still significant when compared to
other models in the literature. To our knowledge, this is the first work to divide the aortic tube
model into two sections, and assign each section an elastic modulus of healthy and collagen
degraded tissues, respectively. It is shown that aneurysm forms in the tissue region where
collagen degradation occurs, and potential rupture is more likely to occur in that region. In
literature, AAA modeling is via conducting finite element analysis on constructed geometry from
CT scans taken from AAA patients or constructed an aneurysm geometry and analyzed the
stress., rather than observing the growth of AAA from an initial stage.
In future studies, the focus on obtaining more accurate data through intensive testing of
abdominal aortic tissue can improve upon the current accuracy of the models. Performing biaxial
testing on aneurysmal aortic tissue, modeling fluid-structure interaction in an aneurysm, and
studying the effects of intraluminal thrombus on peak wall stress should be considered in
evaluating rupture assessment of AAA [8][9] [10][15].
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